Abstract. We present three-dimensional (3-D) in vivo photoacoustic (PA) images of the blood vasculature of a chicken chorioallantoic membrane (CAM) obtained by using a fiber-based noncontact PA tomography system. With a fiber-optic heterodyne interferometer, the system measures the surface displacement of a sample, induced by the PA wave, which overcomes the disadvantage of physical-contact of ultrasonic transducer in a conventional system. The performance of an implemented system is analyzed and its capability of in vivo 3-D bioimaging is presented. At a depth of 2.5 mm in a phantom experiment, the lateral and axial resolutions were measured as 100 and 30 μm, respectively. The lateral resolution became doubled at a depth of 7.0 mm; however, interestingly, the axial resolution was not noticeably deteriorated with the depth. With the CAM experiment, performed under the American National Standards Institute laser safety standard condition, blood vessel structures placed as deep as 3.5 mm were clearly recognized.
Introduction
Photoacoustic tomography (PAT), as a powerful noninvasive imaging modality, allows structural and functional imaging of biological tissues, and opens new applications in many biomedical and clinical fields. [1] [2] [3] [4] PAT relies on the PA effect, relating the optical energy absorption at a point in a sample with the acoustic wave generated by the thermal expansion of that point. 5 This hybrid technique of optical absorption and ultrasound generation provides good optical contrast and high-ultrasonic resolution at depths of up to several centimeters, 2 so that various biological studies from organelles to organs such as cells, blood vessels, small animal brains, and full organs have been reported, and they have supplied useful information pertinent to specific diseases and cancers. [1] [2] [3] [4] In PA imaging, the acoustic wave excited in a depth propagates to the sample surface, where it is detected by either a mechanically scanned single-element ultrasonic transducer or an array-type ultrasonic transducer. Assuming that thermomechanical properties and acoustic parameters are distributed homogeneously in a sample, the PA image of the sample, depending on the distribution of absorbers, can be reconstructed from the time-resolved PA signals. [1] [2] [3] [4] For the detection of acoustic signals, a conventional PAT system usually uses an ultrasonic transducer made with piezoelectric material (PZT). However, the PZT requires physical contact with the sample, which gives rise to some obstacles in biomedical imaging. The contact-based detection scheme should be avoided in many applications such as burn diagnostics, 6 brain surgery, 7 and ophthalmology 8 because the physical contact might cause secondary infections. Furthermore, the opaque PZT restricts the illumination direction of the excitation laser beam, so that inline configuration of the ultrasonic transducer and the laser is not easy. It is also difficult to combine the PAT system with other optical imaging systems such as optical coherent tomography (OCT) or fluorescence imaging due to the difference in the types of detection schemes. 9, 10 Optical interferometric methods have been reported as alternatives to PZT-based transducers. [11] [12] [13] [14] [15] [16] [17] [18] [19] [20] [21] [22] Mach-Zehnder interferometer, [11] [12] [13] [14] low-coherence Michelson interferometer, 15 and Fabry-Perot interferometer [16] [17] [18] [19] were used for the detection of acoustic signals. These techniques have difficulties for practical applications, however, because they are implemented with bulky and complicated optics in general, 12, 13 or demand an impedance matching liquid layer on top of the sample. 15 One group 14 has utilized fiber-optics for a compact and flexible system, but the probe part for collecting the back-reflected light was still composed of bulk optics. To avoid the blocking of the beam path of the excitation laser, caused mainly by the opaqueness of a conventional ultrasonic transducer, optically transparent polymer film-based Fabry-Perot sensors [17] [18] [19] and fiber-optic sensors [20] [21] [22] have been proposed. However, they still required either direct contact with the biological sample or water immersion for impedance matching. In addition, these bulky and complicated optics and contact-based detection impose constraints on implementing multimodal imaging systems. 23, 24 with compact fiber optics including a lensed fiber, and confirmed the feasibility with a simple phantom experiment. 25 The system extracted the acoustic pressure from the surface displacement that was detected with the optical interferometer. However, to get more realistic imaging of various biological samples, we needed to improve the system in several aspects including the quantitative evaluation of imaging performance, the laser safety of the detection beam, and the uniform illumination of the excitation laser beam.
In this paper, we present and analyze the performance of a noncontact PAT system, which has been modified and improved from our previous system 25 for biomedical tissue imaging. To comply with laser safety 26 of biological samples, the size of the interrogating laser beam is expanded by adjusting the curvature of the lensed fiber. The excitation laser beam is aligned uniformly and perpendicularly to illuminate the sample. The lateral resolution of the system is measured by using a sample in a wedge shape and finding the minimum discernible gap distance. The axial resolution is measured in terms of the imaging depth by using the phantom having several targets in different depths. The capability of multidimensional imaging of the system is demonstrated by presenting two and three-dimensional (3-D) PA images of tissue mimicking phantoms and showing in vivo images of the blood vasculature of a chicken chorioallantoic membrane (CAM).
Materials and Methods

Experimental Setup
The schematic of the noncontact PAT system is depicted in Fig. 1 , which has been modified for biomedical tissue imaging from our previous work. 25 The system consists of two parts: excitation part and detection part. In the excitation part, a Qswitched Nd:YAG laser (Quantel, Brilliant ultra 50) is used to excite the acoustic pressure waves within the sample. It emits a train of 8-ns duration pulses at a 532-nm wavelength with a repetition rate of 20 Hz and a maximum energy of 50 mJ per pulse. The optical energy of the laser pulse can be adjusted by rotating a half-wave plate. The excitation beam, upon passing through a beam splitter, is split into two ways to allow rather uniform excitation. Both beams are aligned to perpendicularly illuminate the sample.
The detection part consists of a fiber-optic heterodyne interferometer (FHI) to measure the surface displacement of the sample induced by the PA waves. The interferometer is implemented using a single frequency laser (Thorlabs, SFL 1550s) with a lowlinewidth of 50 kHz and a 1550-nm center wavelength. The laser power is adjusted with a current driver (Thorlabs, ITC 510) to comply with the laser's safety limit. 26 The laser beam is split into a reference path and a detection path by the first 50:50 coupler. The reference beam is frequency-modulated with an acousto-optic modulator (AOM; Gooch & Housego, Fiber-Q FCAOM), driven by an AOM driver at 80 MHz, and directed to the second 50:50 coupler through a polarization controller (Thorlabs, FPC031). The detection beam of the FHI is guided onto the sample surface through an optical fiber circulator (Fiberpi Co. Ltd., h031) and a homemade lensed fiber. An optical fiber filter (Fiberpi Co. Ltd., of060) is used to protect and isolate the detection part from the strong excitation beam. The lensed fiber shown in Fig. 1 is fabricated by splicing a single mode lead fiber with a short piece of coreless silica fiber (CSF) and then by arc-discharging the other end of the CSF piece. 27 Two lensed fibers were fabricated with working distances of 0.91 and 2.5 mm, and minimum beam widths of 10 and 62 μm, respectively.
The detection beam, which is focused onto the sample surface and phase-shifted by the acoustic pressure waves, is recoupled into the same probe through the lensed fiber. The probe head is mounted on an X − Y motorized translation stage (Newport Co., PM-500) to acquire dimensional images. The reference beam and the detection beam are recombined and interfered with each other after passing through the second coupler. The interference is detected by a balanced photodetector (Thorlabs, PDB430C). The interference signals are demodulated with the AOM driving signal using a self-built in-phase and quadrature (IQ) demodulator, and the two demodulated signals are captured with a high-speed digitizer (National Instruments, NI-5142). A personal computer programmed with LabVIEW (National Instruments) controls the X − Y translation stage through a GPIB connection and reconstructs the PA image via the Fourier transform-based reconstruction algorithm.
28,29
Principle of Acoustic Pressure Measurement
To extract the surface displacement from the interference signals, we have built the IQ demodulator as shown in Fig. 1 . When the reference beam modulated by AOM and the detection beam are recombined, the interference signal is given as E Q -T A R G E T ; t e m p : i n t r a l i n k -; e 0 0 1 ; 6 3 ; 6 0 1 I 1 ðtÞ ¼ A 1 cos½2kΔδðtÞ þ ω M t;
( 1) where A 1 is the signal amplitude, k is the wavenumber of the light source, ΔδðtÞ is the time-varying displacement of the sample surface induced by the acoustic wave, and ω M is the angular frequency of the AOM. For the IQ signal demodulation, the signal of Eq. (1) is multiplied with the in-phase (I) AOM driving signal E Q -T A R G E T ; t e m p : i n t r a l i n k -; e 0 0 2 ; 6 3 ; 5 0 4 I 2 ðtÞ ¼ A 2 cosðω M tÞ;
and with its quadrature phase-shifted (Q) one. After low-pass filtering, we have two demodulated signals, the in-phase I and the quadrature Q, as A 12 cos½2kΔδðtÞ and A 12 sin½2kΔδðtÞ, respectively. Then the surface displacement is simply calculated by taking the arctangent between the two demodulated signals as E Q -T A R G E T ; t e m p : i n t r a l i n k -; e 0 0 3 ; 6 3 ; 4 0 7 ΔδðtÞ ¼
The corresponding acoustic pressure pðtÞ can be obtained by taking the time derivative of the surface displacement, 30 E Q -T A R G E T ; t e m p : i n t r a l i n k -; e 0 0 4 ; 6 3 ; 3 4 1 pðtÞ ¼ Z 2
where Z is the acoustic impedance of the medium (about 1.5 × 10 6 Pa · s∕m for soft tissues), and the acoustic pressure wave is assumed to be a plane wave. Note that the scaling factor 1∕2 in Eq. (4) represents the free boundary condition at the airsample interface. After acquiring the acoustic wave signals from the surface displacement, the PA image as the initial pressure distribution is reconstructed by using the Fourier-transform reconstruction algorithm. 
Sample Preparation
For evaluating the proposed system, we have prepared two types of tissue-mimicking phantoms and one animal model. To make a gelatin-based tissue-mimicking phantom, black polyethylene terephthalate (PET) fibers (HellermannTyton, BSHLR180) with diameters of 200 and 150 μm were used as light-absorbers. At first, gelatin powder [J.T. Baker, NF(Type B)] was stirred into distilled water at 40°C until completely dissolved. The concentration of gelatin solution was about 10% weight fraction, and one gram per liter of TiO 2 (JUNSEI, rutil form) was added as optical scattering particles. Before the solidification of the gelatin solution, PET fibers were loaded in the solution. Finally, the solution was placed into a refrigerator to solidify. This gelatin-based phantom has a reasonable cost and long temporal stability, and the fabrication process is straightforward. 31 For the second tissue-mimicking phantom, we used a 5% solution of milk diluted with water and black PET fibers. The milk solution is generally used to mimic a scattering medium such as biological tissue, because the main components of milk are fat and protein. 32 For all phantom imaging, the fluence of Q-switched Nd:YAG laser was 10 mJ∕cm 2 , the power of the detection beam was 1 mW, and the working distance and the spot size of the lensed fiber were 0.91 mm and 10 μm, respectively.
For the animal model, we used a chicken CAM vasculature, which provided easy access to a well-developed vasculature. For the development of blood vessels, fertilized chicken eggs were incubated at 37°C for 10 days. After checking the blood vessel structure formation, the upper shell of the egg was carefully removed for imaging. For CAM imaging, the Q-switched Nd:YAG laser was used with a beam diameter of 15 mm and fluence of 10 mJ∕cm 2 . A detection beam of 0.1 mW and the lensed fiber of working distance of 2.5 mm and spot size of 62 μm were used.
Results and Discussion
Measurement of Photoacoustic Signal from Surface Displacement
The measurement capabilities of the proposed FHI were experimentally evaluated using the tissue-mimicking gelatin phantom, containing two black PET fibers with a diameter of 200 μm and a length of 2 mm. The two PET fibers were spaced 1.2 mm apart and placed at different depths of 2 and 3.2 mm in the phantom, as shown in the inset of Fig. 2(a) . The probe beam of FHI was positioned perpendicularly above the first PET fiber embedded at a depth of 2 mm. Figure 2 (a) shows the measured surface displacement. In the figure, the gradual thermal expansion of the phantom can be observed just after the pulse firing at 8 μs, which is thought to be due to the background optical absorption by the phantom. 13 The two peaks, "a" at 9.38 μs and "b" at 10.19 μs, indicate the surface displacement induced by the two acoustic pressure waves coming from the two black PET fibers. The acoustic pressure of Fig. 2(b) was obtained by differentiating the surface displacement of Fig. 2(a) . In general, there is random noise in the measurement of Fig. 2(a) , which could be amplified due to the differentiation of Eq. (4). In order to reduce the random noise, we used a median filter with a window size of four. Two bipolar signals "a′" and "b′" indicate that the PA signals are clearly distinguished from the noise. The time delay between peak a′ and peak b′ is caused by the difference depths of the PET fibers in the phantom.
To evaluate the displacement resolution of FHI, we measured the surface displacement during a time span of 25 μs without laser excitation and calculated the standard deviation of the signal amplitude. We found that the standard deviation of the signal amplitude fluctuation was about 0.5 nm corresponding to 18.7 kPa, which is thought to be low enough to measure the surface displacement induced by acoustic waves. As usual, the system resolution could be further improved by repeating the measurements and averaging many measured signals.
Evaluation of Image Resolution Limit
To evaluate the resolution limit of the reconstructed image, we used two PET fibers of 200-μm diameter submerged in the 5% mixture of milk and water at a depth of 2.5 mm. Figure 3(a) shows the top view of the phantom schematic; two PET fibers are placed on a Petri dish in a wedge shape. The PA signals coming from the PET fibers were measured as the probe scanned a length of 8 mm in the direction of each arrow. Figures 3(b)-3(d) show the reconstructed PA images obtained at different locations where the distance between two PET fibers was 0, 50, and 200 μm, respectively. Their lateral profiles are depicted in each reconstructed image. The PET fibers with the 50 μm spacing are seen as one structure, but with the 200 μm spacing they are clearly distinguished.
To determine the minimum discernible distance between PET fibers, referred to as the lateral resolution, additional experiments have been carried out in the range from 50 to 200 μm spacings. Figure 4 shows the PA image obtained with the PET fibers of 100-μm spacing. The reconstructed two-dimensional (2-D) image in Fig. 4 (c) agrees well with the PET fibers as described in Fig. 4(b) , and the lateral and axial profiles of the reconstructed image are presented in Figs. 4(a) and 4(d), respectively. For evaluation of the spatial resolution, we used the Rayleigh's resolution criterion, in which two individual objects are resolved when their overlapped intensity at the saddle point is below 81% of the maximum intensity. 33 In the lateral profile shown in Fig. 4(a) , the acoustic pressure intensity at the saddle point is about 75% of the maximum intensity; thus, it satisfies the Rayleigh's criterion. Therefore, we can say that our system provides a lateral resolution of better than 100 μm. Meanwhile, the axial profile depicted in Fig. 4(d) shows that a full width at half maximum (FWHM) is about 230 μm. This value is similar to the actual diameter of each PET fiber, 200 μm, thus allowing us to estimate that the axial resolution is ∼30 μm. The theoretical axial resolution can be estimated as 0.88υ∕B, where υ is the speed of sound (1540 m∕s in water or tissue) and B is the detection bandwidth. 34 Since the detection bandwidth of our system is 50 MHz, the theoretical axial resolution is approximately 27.1 μm. This value is well matched to the experimentally estimated one of ∼30 μm. To investigate the change of spatial resolution with the imaging depth, we have used a phantom containing five black PET fibers located at different depths. The PET fibers with a 150-μm diameter were placed into a container which was filled with the 5% solution of milk and water. The probe scan was made perpendicularly to the phantom surface along a line of 10-mm length in 50-μm steps. Figure 5(a) shows the reconstructed 2-D image of the PET fibers phantom. The PET fibers are clearly visible and well-distinguished, but the dimensions of the PET fibers are changed as the depth increases. For evaluation of the change, we have obtained the lateral and axial profiles of five PET fibers, indicated as A, B, C, D, and E in Fig. 5(a) , which are normalized to the maximum pressure intensity in the image. Figures 5(b) and 5(c) are the lateral profiles and the axial profiles of PET fibers located at different depths, and Fig. 5(d) is the comparison of the FWHM of the profiles. With increasing depth, the FWHM of lateral profile increases, whereas the FWHM of the axial profile is maintained almost constant with a slight tendency to decrease. In general, the lateral resolution is limited by the imaging depth when the detection bandwidth, detection beam size, and scanning length are fixed. On the other hand, the axial resolution is not appreciably dependent on the imaging depth. 
Three-Dimensional Imaging of Phantom
We have investigated the capability of multidimensional imaging by using a phantom composed of black PET fibers immersed in a 5% solution of milk and water. Figure 6 (a) is the scheme of the phantom and its photograph. Two black PET fibers, each with a 200-μm diameter, were placed into a container at different heights and fixed with a double-sided tape, but one of them was twisted into a loop. After pouring the milk solution in the container, the probe was scanned over an area of 9 mm × 9 mm in steps of 100 μm. Figure 6(b) shows the maximum intensity projections (MIP) of the 3-D PA image reconstructed along the XY, YZ, and XZ planes. Both the straight PET fiber and the twisted PET fiber are clearly recognized and well-matched with the phantom schematic. However, at the places where the PET fibers are overlapped we can see some faded regions as in the XY plane image of Fig. 6(b) . 
Three-Dimensional Imaging of Chicken Chorioallantoic Membrane Vasculature
Chicken CAM vasculature was used as a sample for in vivo imaging to evaluate the applicability of the noncontact PA imaging to biomedical samples. Figure 7 (a) is a photograph of the blood vessel network of the CAM, which is covered by transparent albumen (egg white). To excite the PA waves, the Q-switched Nd:YAG laser was used with a beam diameter of 15 mm and fluence of 10 mJ∕cm 2 , which complies with the American National Standards Institute (ANSI) laser safety standard of 20 mJ∕cm 2 . 26 The energy density of the probe beam, focused on the surface of the albumen through the lensed fiber, was 0.165 J∕cm 2 , which complies with the maximum permissible exposure (MPE) in the ANSI laser safety standard. Note that the MPE value for skin at a 1550 nm wavelength is 1 J∕cm 2 .
26 PA signals were measured by scanning the probe beam over an area of 8 mm × 7.5 mm in steps of 50 μm. The probe beam was nearly perpendicular to the surface of the albumen, and 10 signals per each position were averaged. Figure 7 (b) shows the MIP images and the reconstructed 3-D video image. The blood vessels placed at 3.5 mm under the surface are clearly recognized. In particular, the MIP image of the XY plane is well matched with the photograph in Fig. 7(a) . In the upper right area of the reconstructed PA image, the blurred background signals are shown in nearby blood vessels. These background signals are thought as being originated from lutein and zeaxanthin pigments in the egg yolk. Because their absorption wavelength is in the visible light band, they can be observed in the PA image. 36 We calculated the contrast-to-noise ratio (CNR) of the MIP (XY plane) image, defined as 11 E Q -T A R G E T ; t e m p : i n t r a l i n k -; e 0 0 5 ; 6 3 ; 1 2 6 CNR ROI ¼
where I ROI is the mean intensity within the region of interest (ROI), and I bg and σ bg represent the mean and standard deviation acoustic intensity in the background region. As was marked in the XY plane image of Fig. 7(b) , four ROIs were considered. The noise was assumed to be uniformly distributed, and ROI 5 was chosen to get the background noise. With Eq. (5) In general, CNR is influenced by the radiant energy of the pulsed laser; thus, the applied optical fluence of 10 mJ∕cm 2 can be said to be high enough to distinguish the blood vessels in the CAM image. Since the PA signal is proportional to the amount of energy absorbed by the sample, the most effective and simplest way of getting a high CNR is increasing the pulse energy. In addition, increasing the exposure time of the laser helps the CNR by increasing the amount of signal as long as the stress confinement is maintained. However, an average of the measured signals is required, which could consume the signal processing time. 37 In most of our experiments, the PA signals were measured at flat and reflective surfaces, and the probe beam of the interferometer was aligned perpendicularly to the surface. However, in real biological applications, we can think of the signal as suffering from the surface roughness of samples. To overcome the signal degradation and/or distortion caused by the sample surface roughness, several studies have been made. 15, 38, 39 Additional materials such as water or oil were applied on the sample surface to increase its reflectance and/or reduce the roughness. 15 A photorefractive crystal was also used to concentrate the beam scattered from the rough surface. 38, 39 In the proposed system, we will be able to improve its limitations by applying the surface smoothing materials as in the reported study 15 or compensate the image distortion by measuring the roughness of the sample before the PA measurement. In addition, an important issue for biological imaging is the imaging speed. In our current configuration, unfortunately, the imaging speed was highly limited by the low-repetition rate of the pulsed laser; it was only 20 Hz. Therefore, when we got one sheet of a 2-D depth image under the experimental conditions of 1 cm scan length and 100 steps, the data acquisition time was as poor as 5 s. For the real-time image reconstruction, the imaging acquisition speed should be higher than 10 fps in general. By using the laser with a repetition rate of 2 kHz, we can acquire the same data within 0.05 s, which enables to get more realistic 3-D images in vivo. Therefore, it is definitely necessary to use a laser with a higher repetition rate.
In our proposed system, the fiber-based detection part takes full advantage of the simplicity, compactness, and flexibility for PA signal detection. However, the excitation part is still in freespace. Thus, we are struggling to change the excitation part with fiber optics also. We can use commercial optical fibers to transmit the pulsed laser beam. However, launching a high-power pulsed laser to the fiber is not easy work, because it can melt the end of the fiber. Especially, in our case, we should send the excitation pulsed laser beam and the interrogation continuous wave beam in a line. The possibility may be utilizing the dual cladding fiber (DCF) and associated fiber optics. 40 We can send the high-power excitation beam through the inner cladding of the DCF and the rather low-power interrogating beam through the core of the same fiber. However, the proper DCF and related devices are not commercially available yet.
Conclusion
We have demonstrated and analyzed the performance of the noncontact PAT system implemented by using an all-fiberoptic interferometer as a PA signal detector. The proposed system successfully measured the PA signals from the surface of a sample without requiring any physical contact with the sample. It enabled to get multidimensional PA images of the tissue-mimicking phantoms and the in vivo blood vasculature of chicken CAM. The lateral resolution of the PA image was better than 100 μm at a depth of 2.5 mm, while the axial resolution was ∼30 μm at the same depth. Interestingly, with the imaging depth, the lateral resolution was getting worse but the axial resolution was nearly the same. The proposed system could find applications in the fields where noninvasive, noncontact, or minimally invasive imaging is specifically required. Furthermore, we expect that the use of fiber-optic components in the system could be extended to endoscopic applications. We are planning to combine the proposed system with a fiber-based OCT system 41 or a fluorescence imaging system, which would be able to provide a variety of physiological information about delicate biomedical samples.
